Abstract-The use of mathematical models combining wave propagation and wall mechanics may provide new insights in the interpretation of cardiac deformation toward various forms of cardiac pathology. In the present study we investigated whether combining accepted mechanisms on propagation of the depolarization wave, time variant mechanical properties of cardiac tissue after depolarization, and hemodynamic load of the left ventricle ͑LV͒ by the aortic impedance in a threedimensional finite element model results in a physiological pattern of cardiac contraction. We assumed that the delay between depolarization for all myocytes and the onset of crossbridge formation was constant. Two simulations were performed, one in which contraction was initiated according to the regular depolarization pattern ͑NORM simulation͒, and another in which contraction was initiated after synchronous depolarization ͑SYNC simulation͒. In the NORM simulation propagation of depolarization was physiological, but wall strain was unphysiologically inhomogeneous. When simulating LV mechanics with unphysiological synchronous depolarization ͑SYNC͒ myofiber strain was more homogeneous and more physiologic. Apparently, the assumption of a constant delay between depolarization and onset of crossbridge formation results in an unrealistic contraction pattern. The present finding may indicate that electromechanical delay times are heterogeneously distributed, such that a contraction in a normal heart is more synchronous than depolarization.
INTRODUCTION
The normal heart beat is initiated by spontaneous electrical depolarization of the sinus node in the right atrium. The resulting depolarization wave propagates across both atria, passes the atrioventricular node and ventricular conduction system, and finally depolarizes both ventricles. Depolarization is followed by contraction of the myofibers. The normal contraction pattern of the left ventricle ͑LV͒ may be affected by underperfusion 2, 15, 25, 52 and abnormal conduction of the depolarization wave. 34, 53 With the rapid evolution of methods to determine myocardial deformation non-invasively, deduction of pathology from such measurements is a challenge. Size and location of ischemic regions were assessed by analysis of cardiac images with the help of mathematical models of cardiac mechanics. 1, 46 A next interesting challenge is to predict the pattern of contraction from a known pattern of electrical depolarization, or, vice versa, to deduce the sequence of electrical depolarization from non-invasively measured mechanical deformation. 56 Understanding of electromechanical interaction becomes especially relevant because of the rapidly increasing interest in cardiac resynchronization.
We postulate that mathematical models, which combine wave propagation and wall mechanics, may provide new insights in interpreting cardiac deformation towards cardiac pathology. There are several models on myocardial electrophysiology ͑for an overview, see Ref. 27͒ and mechanics 6, 29, 44, 48 separately, but the behavior of the combination of the two principles in an entire ventricle is not well known.
It is known that timing of mechanical contraction determines the distribution of strain. 4 It is also known that this timing is mainly determined by the pattern of depolarization. However, it has not been thoroughly investigated yet whether the combination of both apparently known principles into a comprehensive electromechanical model will result in a realistic pattern of contraction. In the present study, therefore, such combination of models has been designed. Simulations were assessed, focusing on the pattern of deformation. From possible discrepancies with experimental results, characteristics of electromechanical coupling were further unraveled.
In designing the model of left ventricular electromechanics, depolarization wave propagation was modeled using the eikonal diffusion equation. 11 This equation solves the arrival time of the depolarization wave as a function of space, allowing for effects of anisotropic wave propagation and wave front curvature. The method was preferred over the well-known bidomain model because of computational efficiency. The solutions of the eikonal diffusion equation and the bidomain model were reported to match closely. 9 Left ventricular electromechanics were modeled in a three-dimensional ͑3D͒ finite element mesh. Wall mechanics were solved by equations of force equilibrium. Myocardial material was considered anisotropic, nonlinearly elastic and time dependent. 5, 19, 44 The aortic input impedance was simulated by a three-element windkessel model. 55 First, a cardiac contraction cycle was simulated for a regular pattern of depolarization. In particular, we assumed that the delay between depolarization and the onset of crossbridge formation was the same for all myofibers. Simulated results on midwall myofiber strain, epicardial myofiber strain, and the distribution of external work were compared with reported experimental findings. 12, 18, 34, 35, 56 The sensitivity of wall mechanics to timing of depolarization was investigated with the help of a simulation where effects of time differences were excluded by synchronous depolarization of all myofibers.
MATERIALS AND METHODS
The mathematical model of LV electromechanics has been designed in three modules, describing ͑1͒ LV geometry and myofiber orientation, ͑2͒ depolarization wave propagation, and ͑3͒ LV wall mechanics.
Geometry and Myofiber Orientation
In the reference state, defined by zero transmural pressure, the LV wall was represented by a thickwalled truncated ellipsoid. 6 Volumes of LV wall, cavity, and papillary muscles were 140, 40, and 4 ml, respectively. Local myofiber orientation was quantified by helix angle ␣ h , and the transverse angle ␣ t . The helix angle spans the local circumferential direction and the projection of the myofiber orientation on the plane parallel to the wall. The transverse angle spans the local circumferential direction and the projection of the myofiber orientation on the plane perpendicular to the local longitudinal direction. Myofiber orientations were obtained by optimizing for homogeneous myofiber shortening during ejection. 38 Thus, the transmural courses of ␣ h and ␣ t varied throughout the wall according to Fig. 1 .
Depolarization Wave
For the moment of depolarization t dep within the wall the eikonal-diffusion equation ͑rewritten from Ref. 11͒ was solved for the gradient of t dep ("t dep ):
͑1͒
Parameter c f ͑0.67 m/s͒ represents the velocity of the depolarization wave along the myofiber direction. Constant k 0 (2.1ϫ10 Ϫ4 m 2 s Ϫ1 ) determines the influence of wave-front curvature on wave velocity. Dimensionless tensor M describes anisotropy of wave propagation in the global coordinate system. Tensor M* is referred to a local coordinate system, aligned with the myofiber, and is related to M by
Rotation tensor R is associated with the myofiber orientation; index T indicates the transpose. To simulate the effect of the fast conducting Purkinje fibers, parameter c f had a six-fold value in the subendocardial layer between apex and equator ͑Fig. 2͒. With the assumption that the LV is electrically insulated, the wave fronts are perpendicular to the boundary ⌫ ext , being the basal, endocardial, and epicardial surface of the cardiac wall: Vector n represents the orthogonal on the boundary ⌫ ext . Normally, depolarization was assumed to start t dep simultaneously at four locations ⌫ stim ͑Fig. 2͒ in the LV. Three locations are situated at the LV subendocardium 13 24 Material parameter values a 0 through a 5 are listed in Table 1 .
E f represents the Green Lagrange strain component along the myofiber direction: FIGURE 3. Myofiber strain ⑀ during the cardiac cycle. fill filling; ic isovolumic contraction; ej ejection; ir isovolumic relaxation; ⑀ f,bic myofiber strain at beginning of isovolumic contraction; ⑀ f,eic myofiber strain at end of isovolumic contraction; and ⑀ f,eej myofiber strain at end of ejection.
with actual sarcomere length l s , and sarcomere length in the reference state l s0 ϭ1.9 m. This strain energy formulation is a slight modification of the one proposed earlier, 37 i.e., the term a 4 E f 2 was removed from the exponent in W i , and put in a separate term W f for a better description of the increasing passive stiffness for large sarcomere lengths. 19 The characteristics of active stress a were modeled using a contractile element, with length l c , in series with an elastic element, with length l s Ϫl c . 5 The magnitude of a was described by
where t a represents time elapsed since depolarization. The time course of the l c is described by a first order differential equation:
The used functions f 1 and f 2 have been described in the Appendix.
Modeling Left Ventricular Mechanics
Within the cardiac wall the equation of conservation of momentum was used while neglecting volumetric and inertial forces:
Pressure loads on the endocardium and epicardium were homogeneous, and equal to LV cavity pressure p lv and zero, respectively:
To prevent rigid body motion, motion in the base to apex direction was set to zero at the base. In three points ͑anterior, posterior, and lateral͒ at the basal endocardium circumferential motion was also set to zero. LV mitral inflow was simulated by quasi-static increase of pressure in the nonactivated LV from 0 to 1 kPa in pressure steps of 0.05 kPa. LV pressure in the isovolumic contraction and relaxation phases was estimated 6 such that LV cavity volume remained constant within Ϯ0.5%. Aortic flow and pressure were related by a realistic three-element Windkessel model, 55 being composed of a flow resistance (1.5ϫ10 7 Pa s m Ϫ3 ) in series with a compliance (1.0ϫ10 Ϫ9 m 3 Pa Ϫ1 ) that was parallel to the peripheral flow resistance (1.4 ϫ10 8 Pa s m Ϫ3 ). The aortic valve opened when LV pressure exceeded aortic pressure, being set at 10 kPa. Reversal of aortic flow closed the valve.
Numerical Implementation
The eikonal-diffusion equation with boundary conditions ͓Eqs. ͑1͒-͑4͔͒ was solved using a Galerkin type finite element method with eight-noded hexahedral elements with trilinear interpolation. The LV wall was subdivided into 9984 elements, with 11037 degrees of freedom. This resulted in a mean spatial resolution of about 2 mm. The solution was facilitated by gradual increase of the nonlinear term in each succesive iteration.
3,45 A classical upwind scheme ͑Streamline Upwind Petrov Galerkin 8 ͒ was used to stabilize the finite element calculations. 10 The equations related to mechanics ͓Eqs. ͑14͒-͑16͔͒ were solved using a Galerkin type finite element method with 27-noded hexahedral elements with triquadratic interpolation. The LV wall was subdivided into 108 elements, with 3213 degrees of freedom. A NewtonRaphson iterative procedure was used, and a NewtonCotes integration scheme 21 was used with the integration points at the node positions.
All equations were solved on a 64 bit Origin 200 computer ͑SGI, Mountain View, CA͒, using a single processor at 225 MHz. The finite element calculations were performed with the FORTRAN77 compiler based package SEPRAN ͑SEPRA, Leidschendam, the Netherlands͒ on a UNIX platform.
Simulations
Two simulations were performed, one in which contraction was initiated according to the regular electrical depolarization pattern ͑NORM simulation͒ with a constant electromechanical delay of 0 ms for all myofibers and another in which contraction was unphysiologically synchronously initiated ͑SYNC simulation͒. Global hemodynamics, three-dimensional distributions of electrical depolarization time, myofiber stress and strain as a function of time, and stroke work density were calculated. Sarcomere length l s at the anterior and posterior midwall and epicardium, was calculated as a function of left ventricular volume V lv , normalized to wall volume V w . The ratio ⌬l s (⌬V lv V w Ϫ1 ) Ϫ1 during ejection was estimated by linear regression.
Natural myofiber strain ⑀ f was defined as
ͪ .
͑17͒
Myofiber strain during isovolumic contraction and ejection ⑀ f ,ic and ⑀ f ,e j , respectively, were defined as
where ⑀ f ,bic , ⑀ f ,eic , and ⑀ f ,eej are shown in Fig. 3 . Stroke work density W f (J m Ϫ3 ) was defined as
where f is the total Cauchy myofiber stress in the tissue. The effect of restricting wall motion at the base has been investigated by performing a simulation BOUN with an additional restriction of radial motion at the endocardial basal contour. The effect of heterogeneity in the distribution of passive stiffness has been investigated in simulation HETER, having a gradient in parameter a 0 ͑Table 1͒ according to Fig. 4 , as based on measurements reported earlier. 30, 31 The effect of having a transmural gradient in end-diastolic sarcomere length has been investigated in simulation LS0, where initial sarcomere length l s0 ͓Eq. ͑11͔͒ varied linearly from 1.84 m at the endocardium to 1.96 m at the epicardium. 39 In the simulations BOUN, HETER, and LS0, myofiber contraction was initiated by the depolarization pattern, as calculated in the NORM simulation.
The differences of the test simulations with the NORM simulation were expressed in the square root of the mean of the squared differences, as normalized to the the volume-weighted mean value ͑rms%͒.
To assess whether meshing was sufficiently fine, a simulation of depolarization wave propagation was performed with four times as many elements, resulting in a mean resolution of 1.4 mm. In the transmural direction, where the largest gradients were found, resolution was 0.8 mm. Similarly, for the mechanics, the number of elements was doubled.
RESULTS

Depolarization Wave
For solving the eikonal-diffusion equation calculation time was approximately 4 h. In Fig. 5 the calculated regular depolarization pattern has been mapped. This map was used to initiate contraction in the NORM simulation, with constant electromechanical delay. The wave started in the four regions, shown in Fig. 2 , and propagated to apex and base, and from endocardium to epicardium. After 20 ms the epicardium at the left ventricular free wall was reached. The epicardial free wall near the base was depolarized last at 43 ms.
Cardiac Mechanics
Calculation time for solving the equations related to mechanics was approximately 10 h. 
Global Hemodynamics
In both the NORM and SYNC simulations hemodynamics were similar ͑Fig. 6, Table 2͒. In the NORM simulation depolarization pressure developed about 22 ms later than in the SYNC simulation. This difference can be explained by the fact that in the SYNC simulation contraction started at t dep , whereas in the NORM simulation starting time was distributed over the time interval between 0 and 43 ms.
Local Mechanics
Myofiber Strains. In the NORM simulation early depolarized myofibers shortened during the isovolumic contraction phase, while late activated myofibers were prestretched ͑Fig. 7; Fig. 8 , left panel͒. Both during isovolumic contraction and during ejection phase myofiber shortening was more homogeneously distributed in the SYNC simulation than in the NORM simulation ͑Table 3͒.
Myofiber Stresses. The distribution of myofiber stress is quite insensitive to the pattern of depolarization ͑Fig. 8͒. After a change in depolarization sequence, during the ejection phase relative changes in myofiber stress were considerably smaller than these changes in myofiber strain.
Stroke Work Density. The area of a workloop ͑Fig. 8, right panel͒ represents work per unit of tissue volume, or stroke work density ͑Fig. 9͒. In the NORM simulation stroke work density in the early-depolarized regions was lowest and gradually increased towards the latedepolarized regions. Comparing the NORM with the SYNC simulation, mean stroke work density appeared similar ͑Fig. 8͒. In the NORM simulation however, stoke work density was much more inhomogeneous than in the SYNC simulation. The mean values of myofiber strain, stress, and work in Table 3 were calculated in the free wall, transmurally from Table 4 , for the NORM and SYNC simulation the change in sarcomere length per change in cavity volume has been shown for various locations in the left ventricle. For comparison, similar data MEAS were obtained from measurements reported on canine hearts. 18 For both SYNC and MEAS, myofiber shortening at the epicardium was slightly less than at midwall. Differences between anterior and posterior locations were not significant. For the NORM simulation, myofibers in the epicardium shorten more than at midwall. Effects of transmural redistribution of initial sarcomere length in the LS0 simulation, of different boundary conditions in the BOUN simulation, and of passive stiffness in the HETER simulation were similar ͑Table 5͒. Myofiber shortening during isovolumic contraction was affected, but myofiber stress and strain during ejection did not change by more than 8.5%.
For the depolarization wave, mesh refinement resulted in a root-mean-square value ͑rms͒ of the change in calculated depolarization time of 1.4 ms. Mesh refinement in solving mechanics changed myofiber strain and stress by less than 0.4% and 0.1%, respectively, during the ejection phase. 
DISCUSSION
Simulations with our model predict that a physiological sequence of depolarization results in an unphysiologically non-uniform contraction pattern. Making the sequence of depolarization unphysiologically synchronous, the simulated contraction pattern appears physiologic. First we will discuss to what extent this discrepancy might be attributed to the simplifying assumptions in the mathematical model. Subsequently, it will be discussed if the findings can be explained by physiological processes, not yet implemented in the model.
Model
The LV geometry was simplified to a prolate ellipsoid. Near the base, the ellipsoid is truncated, thus requiring appropriate boundary conditions for motion of the wall. In the NORM and SYNC simulations rotational motion was prohibited at the endocardial basal contour, while radial motion of the base was allowed. Due to these boundary conditions, the wall tended to orient perpendicularly to the basal plane. This resulted in some prestretching at the base in the SYNC simulation ͑Fig. 7͒. To estimate the effect of constraining motion of the base, the results of the NORM simulation were compared to that of a simulation BOUN by which radial motion at the base was also prohibited. The distribution of stress and strain was severely affected near the base but much less in other regions of the LV. During ejection, below the equator a change of the boundary condition at the base affects both myofiber stress and myofiber strain by р8.1%.
In simulations, LV wall mechanics appear sensitive to the choice of myofiber orientation. 7 In view of a limited accuracy of available experimental data and the presence of biological variation, myofiber orientation is obtained by optimization on a homogeneous distribution of myofiber stress in the wall. 38 The used distribution of myofiber orientation is within the range of reported anatomical measurements. 16, 43 The effect of fast propagation in the Purkinje system has been modeled in a continuum approach, characterized by a high depolarization wave velocity near the endocardium. More accurate descriptions cannot be made easily, because biological variance in the Purkinje system is considerable. 26, 28, 49 Our description has been based on an average of experimental data. 14, 13, 41, 42 Normally, for a detailed description of depolarization wave propagation, a resolution is needed of about 0.2 mm, especially near strong wave front curvatures. For the conditions of our simulations, a 2 mm resolution appeared sufficient. Mesh refinement did not change the solution significantly.
Passive myocardial tissue is orthotropic due to the sheet structure of the myocardium. 22 Sheets have less influence on deformation in systole than in diastole. 48 Focusing on systole, the sheet structure has been neglected by considering passive myocardial tissue to be transversely isotropic. Active material was modeled uniaxially. An active component of transverse stiffness is shown to exist, 23 but appears not to affect the pattern of early myofiber shortening and prestretching as shown in a model study. 47 We assumed homogeneneity of material properties throughout the LV wall. However, some studies indicate heterogeneity of passive material properties. 31 In the HETER simulation, myofiber strain and stress during the isovolumic and ejection phase seems practically not affected by the introduced heterogeneity of material properties ͑Table 5͒. Residual stress and strain 32 might affect systolic stresses through a trans- mural variation of resting sarcomere length. 39 Such a variation affected myofiber strain and stress in systole in the LS0 simulation ͑Table 5͒, but did not affect the pattern of early shortening and prestretch, as observed in the NORM simulation.
Muscular tissue is about as incompressible as water, as shown by the high wave velocity for ultrasound ͓1550-1650 m s Ϫ1 ͑Ref. 54͔͒. During a cardiac cycle, total tissue volume may change by no more than 3% ͑Refs. 51 and 57͒ due to shifts of coronary blood volume. We set compressibility parameter a 5 in Eq. ͑10͒ to 55 kPa, thus limiting tissue volume changes during the cardiac cycle to about 3%.
The real cardiac geometry with a left and right ventricle is much more complex than the truncated ellipsoid we used. The load the RV exerts on the LV wall through RV pressure and force transmission in the LV-RV attachment were neglected. As RV pressure develops earlier than LV pressure, timing of stretch in the LV wall might be affected. However, the difference in timing of pressure ͓0-15 ms ͑Ref. 50͔͒ is small with respect to the range of depolarization times during sinus rhythm. Also, due to the confocal description of the LV geometry, the apex is too thick. To minimize the influence of the right ventricle, apical region, and boundary conditions, we focused on deformation in the equatorial region of the LV free wall. It is unlikely that the used LV geometric imperfections have a significant impact on timing of contraction in this part of the left ventricle.
In summary, inaccuracies introduced by the assumptions made in the model may influence the pattern of myocardial contraction. None of these imperfections can, however, explain the differences in time course of systolic myofiber strain as found in comparing the NORM and SYNC simulation.
Physiology
In the NORM simulation propagation of depolarization was physiological ͑Fig. 5͒ in the following aspects. The LV depolarizes within 40-55 ms. 13, 14, 36 Depolarization starts at the lower third of the LV endocardium, propagating to apex and base. 28 The LV free wall and septum depolarized practically simultaneously. 41 Complete depolarization of the left, and right septal endocardium occurs within 21 and 40 ms, respectively.
14 The LV free wall is activated transmurally within 15-18 ms. 42 Despite the similarity in depolarization, strain patterns are significantly different between the NORM simulation and experiments. In experiments with sinus rhythm or atrial pacing, where depolarization is similar to that of the NORM simulation, systolic strains ͑Fig. 8, Tables 3  and 4͒ and stroke work ͑Fig. 9͒ have been shown to be distributed evenly throughout the ventricular wall. 12, 18, 35, 56 Experimental results are not different from the results of the SYNC simulation on sarcomere shortening ͑Table 4͒ during ejection. Myofiber strains during isovolumic contraction and ejection in the SYNC simulation are closer to measured strains ͑Table 3͒, than myofiber strains in the NORM simulation.
In the NORM simulation, however, the considerable differences in systolic strain pattern ͑Fig. 8͒ closely resembles the pattern as found in experiments during ventricular pacing, 56 a situation of asynchronous depolarization. Under these circumstances, in early systole myofibers shorten in the early activated regions ͑Fig. 8, endocardium͒ and stretch in the late activated regions ͑Fig. 8, epicardium͒. Furthermore, both myofiber strain and stroke work are low in the early-activated regions, and high in the late activated regions. Exactly, these characteristics are also found in the mechanics of the NORM simulation. Thus, our model predicts an unphysiological nonuniform contraction pattern during a physiological pattern of depolarization, and a physiological contraction pattern during an unphysiological synchronous depolarization. This finding suggests that myocardial tissue is able to synchronize contraction despite asynchrony of depolarization. It is not known yet what mechanism may be responsible for this behavior. Probably, there is a local controlling mechanism that makes contraction more synchronous than depolarization by proper variation of local electromechanical delay time. Actually, the SYNC simulation can be interpreted as a simulation with a normal depolarization pattern and a heterogeneous distribution TABLE 5. Myofiber stress "meanÁsd.… during ejection " f,ej … and myofiber strain "meanÁsd.… during isovolumic contraction "⑀ f,ic … and ejection "⑀ f,ej … for the test simulations BOUN, HETER, and LS0. All simulations were performed with a regular depolarization pattern "NORM…. The differences with the NORM simulation were expressed in the root-mean-square "RMS%…, relative to the volume-weighted means of the NORM simulation. of electromechanical delay times, which completely compensates for asynchrony of local depolarization. Until now there is no direct experimental evidence for regional differences in electromechanical delay. However, the finding that expression of the I to channel is higher in the subepicardial layers than in the subendocardial layers 40 may reflect the physiology of such mechanism. The I to channel has a prominent role in modulating the systolic calcium transient by enhancing the rise of the intracellular calcium concentration. As a result, the time elapsed between depolarization and contraction may be shorter in the subepicardial layers than in the subendocardial ones. Instead of phenomenologically adding electromechanical delay times, incorporating a ion-based model of heterogeneously distributed action potential 17, 33 into our model may yield better results, also. However, computation time would increase dramatically, losing the benefit of shorter computation time by using the eikonaldiffusion equation.
CONCLUSIONS
A three-dimensional finite element model of LV depolarization wave propagation and mechanics has been developed.
The simulated depolarization wave appeared physiologic. Then, the systolic myofiber strain distribution was unphysiologically inhomogeneous.
When simulating LV mechanics with unphysiological synchronous depolarization myofiber strain was more homogeneous and more physiologic.
Apparently, the delay between depolarization and onset of crossbridge formation is distributed such, that contraction is more synchronous than depolarization.
Furthermore, it was found that variations in timing of depolarization caused larger relative changes in the distribution of myofiber strain than in that of myofiber stress. where t r is the activation rise time constant, t d the activation decay time constant, and t max the activation duration. Parameter b relates activation duration to the length of a sarcomere l s . l d is the sarcomere length at which this duration is 0. The time course of the contractile element length l c was simulated by a first order differential equation ͓func-tion f 2 in Eq. ͑13͔͒: Table 6 . Equation ͑A5͒ was solved using an Adams-BashfortMoulton multistep integration scheme. 21 
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